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Introduction
Scanning Point (SP) spectrometer based Spectral Domain (SD) [1] and Swept Source (SS) [2] arrangements have become the standard Optical Coherence Tomography (OCT) [3, 4] setups in ophthalmic imaging [5, 6] . The first reason for this is that Fourier Domain (FD) (including SD and SS) OCT has higher intrinsic Signal to Noise Ratio (SNR) than earlier Time Domain (TD) systems [7, 8] . The second reason is that SP configuration gives confocal gating, which removes out of focus light and improves image quality. However, motion artefacts are a profound problem for in-vivo imaging with SP OCT [9] . In particular, heartbeat and respiration will cause distortion of the axial positions between A-scans. This problem has been alleviated by increasing scanning speed or introducing alignment solutions, but cannot be entirely resolved. In SP OCT, the time taken to sequentially capture A-Scans determines the image collection time (temporal gate). To increase the imaging speed and maintain the SNR, the intensity of light at the measured spot has to be increased. For in-vivo ophthalmic imaging, there will be a limit on how high the intensity of the spot can be before it potentially causes damage. This is a fundamental limit on the maximum theoretical imaging speeds for ophthalmic SP OCT systems.
Line Field SD-OCT (LF-OCT) [10] captures a whole cross-sectional image (B-Scan) or even a three dimensional volume [10, 11] in a single shot, instead of just a single A-Scan. It does this by using an imaging spectrograph. This parallel detection of A-Scans in a LF-OCT configuration offers several advantages over traditional SP-OCT systems. Firstly the motionrelated image distortion and artefacts in a B-scan map can be significantly reduced, due to the lack of time difference between A-Scans. Secondly, since the probe beam is focused as a line at the sample surface, it can achieve a higher imaging speed (and SNR) at a lower illuminating intensity. This enables higher in-vivo imaging speeds with lower risk of damage. LF-OCT retains confocal gating in one lateral dimension.
Previously LF-OCT systems constructed with Super Luminescent Diode (SLD) sources have been used for in-vivo imaging of the cornea [12] and retina [13, 14] . Additionally, the Fourier phase [15] information from SLD LF-OCT systems has been used to map deformation of corneas with 10 nm sensitivity [16, 17] . However, the limited bandwidths of SLD based sources do not allow axial resolution much beyond 5 μm. Using thermal light sources in LF-OCT, axial resolution of nearly 1 μm has been demonstrated [18, 19] . However, the low intensity of spatially incoherent thermal light sources means that they are not suitable for in-vivo or high-speed imaging.
Super Continuum (SC) light sources take relative narrow bandwidth laser pulses and pass them through non-linear optical fibres, which massively increases the bandwidth [20] . The result of this process is a single spatial coherence mode output with a typical continuous spectral coverage of 400-2000 nm. Using the visible part of the SC output, a LF-OCT system for true-colour imaging with resolution of 1.2 μm has been demonstrated [21] . However, since the original demonstration of corneal imaging with SLD based LF-OCT [12] , revisiting this application of LF-OCT with higher resolution SC sources has been overlooked. Hence the benefit of combined high resolution (<3 μm) and high speed (>100 kA-scans/s) of SC LF-OCT systems for Near Infra Red (NIR) imaging of the cornea has not been previously presented. NIR light is preferential for ophthalmic OCT, as intense visible light is a hazard to the photosensitive retina.
As SC light source is pulsed, the duration of a single pulse can be used as the temporal gate of an OCT B-Scan image. B-Scan imaging with a single femto-second pulse of light and non-linear optic effective temporal ranging has been proposed [22] . This non-linear optic temporal ranging method has been applied to OCT A-Scans to give an additional axial gate, in order to exclude unwanted signals [23] . However, we are unaware of any previous method that has used a single laser pulse to produce an OCT B-Scan image. By using the 2ns width single pulse output of a SC source as the temporal gate, a B-Scan image can be collected orders of magnitude faster than could be done with a conventional SP OCT system. Due to the generation process, a single SC pulse has significant spectral noise, which leads to significant noise in the image. However, as the spectrum is the same in all A-Scans, the noise is "fixed pattern noise" and should be recoverable and removable from the image [24] .
Without two dimensional confocal gating LF-OCT systems can suffer from aberrations such as chromatic aberrations of refractive lenses or "bow-tie" aberrations of uncorrected [25] toroidal Czerny-Turner spectrograph. We have found that these aberrations can lead to artefacts in the OCT images. Completely eliminating these aberrations in LF-OCT systems may not always be practical or economical, which is likely to be a significant reason that LF-OCT systems have not been widely used for in-vivo imaging applications yet. However, in this paper we show that the Fourier phase map contains information that can identify these aberration-related artefacts. Utilising this to supress the artefacts in digital post processing would improve image quality for a relatively simple system, without the cost and development time of including physical optical correction.
In this paper we propose to develop a high speed and high axial resolution LF-OCT system with a pulsed SC light source. Using the NIR part of the SC spectrum our LF-OCT system is able to provide a current axial resolution of 2.8 μm (in free space) at a volume image acquisition rate of 213 kA-scans/s, making it suitable for in-vivo studies. With a slower but wider detector, the axial resolution is improved to our bandwidth limit value of 2.1 μm and applied to ex-vivo imaging. An early iteration of our LF-OCT system was used to demonstrate a B-Scan image taken with a single SC pulse. Furthermore we will also present a Fourier phase differential mask to automatically identify and supress aberration caused artefacts. Figure 1 shows the design of the LF-OCT system, where the major component parts are line illumination, a 4f [18] Linnik interferometer and an imaging Czerny-Turner spectrograph (Shamrock 303i, Andor, UK). Two SC light sources were used, one with a high (20 MHz) fixed pulse rate (WhiteLase Micro, Fianium, UK) that was used for the majority of the imaging and one with a variable low (1-20 KHz) pulse rate (SuperK COMPACT, NKT, Denmark) that was used for the single pulse image. A spectral band 700 nm (ISO 15004-2:2007 cut off for retina exposure) to 1000 nm (effective limit of silicon based detectors) was selected with a high pass and low pass filter. With the high fixed pulse rate source as used, after spectral filtering the maximum available power in the sample arm was 6.8 mW. This equates to an average of 3 μW for each of the 2160 simultaneously measured A-Scans with the sCMOS camera. Neutral density filters were used to control total power. The line field illumination was achieved by the conventional use of a cylindrical lens and objective lenses [12] . Various combinations of collection and objective lenses were used, which are given for each sample (section 2.2). All lenses were 25.4 mm in diameter. To achieve lower reference intensity without the complications of adding a neutral density filter into the reference arm, the flat side of a plano-convex lens was used as the reference. A 10 μm mechanical slit and a 300 l/mm grating were used. The spectrograph used two cameras: a sCMOS camera (2560 x 2160 pixels of 6.5 x 6.5μm, 30000 e-pixel well depth, 12 bit ADC, max frame rate 98.8 Hz, 5 ms electronic shutter) (Neo, Andor, UK) was used for the high-speed imaging whilst a BI CCD (2000 x 256 pixels of 15 x 15 μm, 150000 e-pixel well depth, 16 bit ADC, max frame rate 2 Hz, 40 ms minimum mechanical shutter opening and closing time (it was necessary to use ND filters to reduce the power because of the relatively long exposure time)) (iVac, Andor, UK) was used for the high-resolution imaging. The measured single image SNR (sensitivity) with the Neo and iVac camera was 71 (85) and 79 (93) dB respectively, while signal roll of at 1 mm depth with a 75mm achromatic objective lens was 12 and 15 dB respectively. Camera and spectrograph control, data acquisition, image processing and display were all done via a PC with a custom GUI built in MATLAB (Mathworks, US). 
Method

LF-OCT
Samples and methods
Ex-vivo cornea sample
The system was used to image the layer structure of a human cornea sample. A corneo-scleral disc maintained in an organ culture medium at 31 °C was obtained from a local eye bank. It was free of corneal pathology but unsuitable for transplantation because of low donor endothelial cell density after donation (2.200 cells/mm 2 ). A disc of 8 mm trephine diameter was punched out from the endothelial side after transfer onto a Barron vacuum donor punch (Katena Products, New Jersey, USA). The disc was placed and attached, using fibrin glue on the epithelium side, onto a glass microscope slide. No method was used to stop drying of the sample between preparation and imaging, leading to it being partially dehydrated when imaged. It was then imaged with the LF-OCT system from the endothelial side. The reference mirror was shifted with a piezo-electric stage to give DC and common path component suppression with the method given by Ma et al [26] . 30 mm achromatic doublet objective and 100 mm achromatic doublet collection lenses were used.
Pharmaceutical tablet for single pulse image
To capture an image with a single pulse of SC light, the SC light source was set to operate at 1 Hz. The exposure time of the sCMOS camera was set at 1 s to match this, the light pulse being the temporal gate. The sample used was a coated pharmaceutical tablet [27] . 40 mm achromatic doublet objective and collection lenses were used.
Sample and setup to induce high amounts of aberration image artefacts
The aberrations that induce artefacts on the OCT image are a result of the combined actions of the sample, interferometer optics and spectrograph optics on the light. The interaction of all three parts determines how far from the correct position light arrives on the detector. To induce maximum aberrations the worst choice of sample, picked from experience, and interferometer optics, non aberration-corrected lenses, were chosen. For the sample, cling film was suspended between two optical posts facing end to end but with a ~1 cm gap between them. The cling film was wrapped once over this gap and pulled tight giving a smooth, curved and freestanding layer. During the development of the system we found curved semi-specular reflecting interfaces, such as this, to be particularly susceptible to image artefacts. 100 mm plano-convex singlet objective and collection lenses were used as these introduce significantly more aberrations than the equivalent achromatic doublets.
Data processing
The measured raw spectrums are first resampled to achieve uniform spacing in angular frequency domain. To control the axial point spread function shape, a spectral window is applied to the spectrums [28] [29] [30] . This window is calculated by
where D(ω) is the desired spectral shape and S(ω) is the measured effective raw spectrum shape. Discrete Fourier Transform (DFT) of the spectra then gives the complex A-Scans. The complex A-Scan signal for a single scattering or reflecting point (j) is given by 
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Here, T is the interferometer transmission constant, R is the reference surface field reflection coefficient, ⊗ is the convolution operator, , 2) give the OCT images, while the complex phase angle is the pixel resolved Fourier phase [15, 31] . The method of using Fourier phase information to clean images was derived empirically from the measured Fourier phase images.
Results and discussion
Axial resolution, lateral resolution and demonstration of high-speed volume imaging
To quantify the axial resolution of the LF-OCT system, a flat glass surface was measured. Figure 2 inset shows one of the raw spectrums measured with the BI CCD camera and 300 l/mm grating. The main part of Fig. 2 then shows the resultant theoretical raw (line), measured raw (circles) and measured digital spectral shaped (crosses) axial Point Spread Functions (PSFs). The theoretical and measured raw PSF closely match, the LF-OCT systems Linnik based design is free from significant broadening due to dispersion. The Full Width Half Maximum (FWHM) resolution is 2.1 μm in air. Digitally shaping the spectrum to a Hann shape broadens the PSF slightly (2.4 μm FWHM in air) but achieves significant reduction of side lobes. With the smaller width sCMOS camera, without changing the 300 l/mm grating, the raw resolution is reduced to 2.8 μm in air. These values are 6 times better than when LF-OCT was last demonstrated (17 μm) [12] for corneal imaging. In order to quantify the lateral resolution and to demonstrate undistorted imaging at a high volume acquisition rate, a USAF 1951 target (ThorLabs, US) was used. This was mounted on a mechanical stage (ThorLabs, US) to enable 3D imaging. 30 mm achromatic doublet objective and 100 mm achromatic doublet collection lenses were used in the LF-OCT. Figure  3 is an en-face image of a USAF 1951 resolution target, from an OCT volume taken at 213 kAScans/s. This volume A-Scan rate is ~40% of the highest known value for LF-OCT reported to date [32] . However, the current system has 2.5 times the pixels per A-Scan (1280 vs 512) so per pixel is 4% faster. With 30 mm achromatic doublet objective and 100mm achromatic doublet collection lenses, the highest lateral resolution measured was 5.5 x 9 μm (per line pair resolved [33]). 
Ex-vivo corneal imaging
In order to demonstrate high resolution imaging with our LF-OCT, we measured a partially dried human cornea sample ex-vivo. Figure 4 shows a B-Scan image of this sample. All five of the commonly accepted layers (Endothelium, Descemet's Membrane, Stroma, Bowman's Membrane and Epithelium) are resolved. Figures 4 and 5 show the successful segmentation (red line) of the acquired image using a supervised graph search method based on [34] incorporating the energy of the Laplacian. The segmentation method for the endothelium surface was modified to account for the fact that the peak signal of the strong surface reflection will correspond better to interface in this case. This allows for layers to be distinguished and measured. For presentation, the result was cleaned using a one-dimensional averaging filter. The increased axial resolution is a significant improvement on previous imaging of human corneas with LF-OCT [12] , where these layers were not resolved. Table 1 gives the optical thicknesses measured from this sample, though due to the ex vivo nature of the sample they are not directly comparable to in vivo thicknesses. 
Single pulse imaging of pharmaceutical coated tablet
In order to demonstrate LF-OCT high-speed single pulse operation, a coated pharmaceutical tablet was used as a target. Figure 5 Left shows the normalised raw OCT image taken. Boxcar averaging was used to improve the SNR. The SC spectral noise within one pulse was significant but identical in all A-Scans, which gives the significant fixed pattern noise in the image. It has previously been shown that subtracting the median complex A-Scan is an effective way of removing fixed pattern noise [24] . However, we found that subtracting the median magnitude A-Scan performed better in our case. With median complex A-Scan subtraction, fixed pattern noise 12 dB above the noise floor was still visible in the image. For magnitude A-Scan subtraction no fixed pattern artefact was visibly identifiable (<6 dB). Figure 5 Right shows a single pulse OCT image after the subtraction of median magnitude AScan. The image SNR is not high, with the peak signals of surface and second scattering being 23 dB and 15 dB above mean noise floor respectively. Before median magnitude subtraction these values were 10 and 4 dB respectively. The low image SNR is due to the low amount of total light used for the image and un-optimised prototype design of the LF-OCT system. However, it is nevertheless sufficient to resolve the two coating layers. The surface, first clear layer and second scattering layer are all visible and the results agree well with the published data [25] . Segmenting the OCT data to identify the surfaces automatically using region based weighting with graph theory allows us to measure the optical thickness of the coating, which is 87.27 ± 3.36 n G .μm where n G is the refractive index of the coating. With a conventional SP OCT system, we have separately measured the range of the coating thickness to be 70 to 100 n G .μm over the batch. To the best of our knowledge, this is the first OCT BScan image to be taken with a single light source pulse. The specified temporal output width of the pulse is <2 ns, which means a scanning point OCT would have to take 35 GA-Scan/s to collect the 70 A-scans used for the image in the same time. This is nearly three orders of magnitude faster than the fastest SP OCT currently known to us (40 MHz [35] ). The ability to capture a whole B-scan map in a time scale of 2 ns would open up new application areas such as online monitoring of high value pharmaceutical coating process [36] , where it is highly desirable to accurately measure geometrical cross sections of individual pellets that are fast tumbling in a fluid bed coater. Using the light source as the temporal gate means that this Ascan rate is independent of the camera, though the speed achieved is only applicable to a single B-scan capture. It is not applicable to a continuous stream of data where a high frame rate camera is necessary. The technique should be expandable to capture a 3D volume in a single pulse with the application of 2D to 1D mapping such as that used in [11] . Further orders of magnitude decrease of the temporal gate, thus increase of the equivalent A-Scan rate, should be possible with the use of femtosecond laser sources. 
Fourier phase differential mask
During the development of this high-resolution LF-OCT system it was found that aberrations could cause noticeable image artefacts in front of strongly reflecting surfaces and scatters. To demonstrate this, a curved free standing cling film was imaged with a highly aberrated iteration of the LF-OCT. Figure 6(a) shows the raw B-Scan image. Significant image artefacts are visible in front of the cling film (Fig. 6 (f) ), either side of the centre. Where the cling film is significantly sloped, the signal from the two interfaces is blurred (Fig. 6 (c) ). Figures 6(e) and 6(h) shows the phase maps for these areas. Where the signal is from a genuine source (i.e. the position of the cling film interfaces), the phase differential between laterally adjacent pixels is low. Where the image signal was an artefact, the lateral phase gradient between adjacent pixels was quasi-random. The method is empirical and we do not have mathematical proof of why this is the case. However, it does appear that small differences in the phase are exaggerated in the artefacts to become quasi-random. This result allows the defining of a phase mask
where Δ L ψ is the lateral pixel phase differential. The values of the mask are between 0 and π, which is then multiplied with the magnitude of the DFT to give an artefact supressed image. Figure 6 (b) shows the artefact supressed image of Fig. 6(a) . The quality of this image is visually significantly better. The mean signal contrast (measured against the peak interface signal) of the visibly artefacted area in front of the cling film was reduced by an average of 9 dB (as shown in Figs. 6(f) and 6(g)). A 4 dB increase was measured in the contrast between the interfaces and the non-scattering centre of the cling film (as shown in Figs. 6(c) and 6(d)). We have applied this filter to images taken with all optical setups used and found that the method improves the image quality around strong interfaces and scatterers. A small detriment to SNR is expected from the filter. The phase mask would be expected to reduce signal at interface discontinuities, though this is unlikely to be a significant issue with most samples that would undergo OCT imaging. 
Conclusion
A LF-OCT setup is demonstrated to be suitable for high quality ultra-high resolution imaging of the cornea and is also able to take a B-Scan image in the temporal gate of a single laser pulse.
Utilising the high bandwidth and spatial coherence of SC sources, LF-OCT is a suitable modality for the next generation of clinical OCT instruments. The high (up to 2.1 μm in air) axial resolution and volume imaging speed (up to 213 kA-Scans/s), which is desirable for future clinical OCT instruments, has been demonstrated. The system was used to image the 5 layers of a human cornea sample, which, to our knowledge, has not previously been demonstrated with LF-OCT. Anterior segment OCT has already been used to image the corneal tomography, to measure corneal thickness and lamellar graft thickness [37] [38] [39] . However the application of ultra high resolution OCT to the anterior segment is potentially a new modality of imaging anterior corneal dystrophies (such as Meesmann dystrophy, ReisBücklers corneal dystrophy, Thiel-Behnke dystrophy, etc), posterior corneal dystrophies (such as Fuchs corneal dystrophy, posterior polymorphous corneal dystrophy, etc) [40] [41] [42] [43] [44] . It could characterize and localize with precision abnormalities (such as opacities, erosions, vesicles, irregularities, nodules, microcysts, guttae, thickening of layers etc) in the all layers of the cornea. In addition it could be useful in the eye banking procedure for matching donor with procedure especially for lamellar surgery such as Descemet Membrane Endothelial Keratoplasty.
Current OCT imaging speeds can be improved upon by orders of magnitude by combining LF-OCT with single pulse of a laser light source. With such a setup, the pulse width becomes the temporal gate for the whole image. This allows a B-Scan to be taken in much less time than can be achieved with current raster scanning methods. We have demonstrated an OCT B-Scan image taken with a single pulse of SC light. To the authors' knowledge, the concept of taking a B-Scan image with a single light source pulse is new to the field of OCT. The BScan imaging speed achieved corresponds to a SP OCT running at 35 GA-Scans/s, which is 3 orders of magnitude better than current OCT systems. To achieve this clean image from a noisy single SC pulse, the fixed pattern noise is removed by subtraction of the median magnitude A-Scan.
In addition, we also present a method to identify and remove aberration caused artefacts in LF-OCT systems without physical optical correction. The Fourier phase contains an additional layer of information to magnitude OCT images. We show that the lateral Fourier phase differential can be used to distinguish aberration caused image artefacts from the real signal. This has been applied to the automatic creation of masks to clean aberrated highresolution LF-OCT images. The method improves the quality of certain images, particularly around strongly reflecting interfaces or scatterers.
